Research on the development and incidence of cardiovascular diseases has revealed the importance of vascular wall shear stress. In this paper, the vascular wall shear stress was numerically simulated in an elastic vessel with simple and consecutive Stenosis during a pulsatile laminar non-Newtonian blood flow using ADINA 8.8. The cross-sectional area of the studied stenosis was 70% of the unstenosed vascular cross-sectional area. The results of the simple stenosis were compared with those of the double stenosis. Five non-Newtonian models of Carreau, Carreau-Yasuda, Casson, Power Law, and Generalized Power Law were employed to simulate the non-Newtonian properties of blood. The axial velocity values at the maximum flow rate showed that in both simple and consecutive Stenosis, the highest and lowest axial velocities occur in the Generalized Power Law and Power Law models, respectively. Wall shear stress profiles at the maximum flow rate showed that the Power Law model underestimates the stress values compared to other non-Newtonian models and the Newtonian model. In general, results showed that the Power Law model is not suitable for simulating the non-Newtonian behavior of blood.
INTRODUCTION
If the cardiac arteries or the arteries supplying the brain become atherosclerotic, thrombosis is very likely to develop due to plaque rupture and platelet aggregation in the damaged area which can lead to death. Since experimental methods have their limitations in measuring parameters such as shear stress, and their required equipment is expensive, numerical methods have recently made significant progress in modeling the blood flow in stenosed vessels in the real conditions and have provided practitioners with useful information. These progresses include the use of non-Newtonian models to investigate the blood flow, as well as the consideration of the blood-vessel wall interactions, which enables the researchers to study the factors that have so far been neglected when studying vascular wall and blood flow. All these have allowed for the more accurate prediction of plaque rupture and vessel wall overlap.
Yang et al. 1 examined the blood flow in a flexible stenosed carotid bifurcation using ADINA and a non-Newtonian model obtained based on the experimental data. They also compared the effects of considering a solid-fluid two-way coupling and only fluid or only solid one-way couplings on the parameters of velocity, Wall Shear Stress (WSS), and pressure. Chan et al. 2 studied blood flow in a stenosed elastic artery using the Carreau and the Power-law non-Newtonian models and examined axial velocity, WWS, wall displacement and Global importance factor (IG) of blood.
Zauskova and Medvidova
3 utilized the Carreau-Yasuda and Yeleswarapu non-Newtonian models to mathematically model the flow inside a stenosed elastic artery and compared the WSS and oscillatory shear index (OSI) values with those of the Newtonian model. Janela et al. 4 mathematically modeled the blood flow in a 3D elastic vessel using the Generalized Newtonian and Carreau-Yasuda non-Newtonian models and compared wall displacement in different times in the Newtonian and non-Newtonian cases. Decorato et al. 5 studied the pulsatile blood flow in an elastic carotid artery using the Casson non-Newtonian model. They used Ansys CFX in the simulations, and the parameters of the WSS, OSI, and von Mises stress were examined. Mortazavinia et al. 6 used Ansys CFX to investigate the pulsatile blood flow in an elastic aorta using the Carreau non-Newtonian model. The parameters of velocity, WSS, and wall displacement were examined. Kabinejadian and Ghista 7 used the Carreau-Yasuda non-Newtonian model to examine the blood flow in a coronary arterial bypass graft. Ansys CFX was used for simulations. The parameters of axial velocity, OSI and WSS were investigated, and the results of the rigid or elastic walls and Newtonian or nonNewtonian blood were compared. Since no research has been carried out on the pulsatile blood flow in an elastic vessel with double stenosis using five different non-Newtonian models, this paper examines the effect of different non-Newtonian models on WSS, reverse flow region, and axial velocity using ADINA 8.8 software. Physiological pressure and flow rate pulses were used as boundary conditions.
Governing Equations
In ADINA, equations of momentum and continuity equations are as follows ... (2) where, t is time, ñ is density, V is the velocity vector, f B is the volume force vector acting on the fluid, and ô is the stress tensor calculated as follows:
... (3) ... (4) Where, p is pressure, I is the unit matrix, and is the fluid viscosity.
Non-Newtonian Models
Five non-Newtonian models and a Newtonian model were used to model the fluid behavior. The formulas and their constants are presented in Table 1 in detail. The constants have been obtained by various researchers through fitting the experimental data of blood 9 . In the formulas in 
Numerical Methods
An elastic vessel with a 70% symmetrical simple and double stenosis was studied here. Dimensions are shown in Figures 2a and 2b . ... (5) Where, R0 is the healthy vessel radius, R(z) is the vessel radius in the stenosed region, R0,t is the vessel radius at the stenosis throat, zm is the axial coordinates of the stenosis throat with respect to the origin, and Lst is the length of the stenosed region. Fluid and vessel wall properties are listed in Table 2 10.
Vessel wall displacement and strain was considered large in the kinematic formulation. At the two ends of the fluid and solid models, axial and radial displacements were constrained. Boundary condition of zero normal stress was imposed on the outer wall of the vessel, assuming that the surrounding tissues do not exert any Figure 3 shows the average velocity profiles applied on the fluid inlet 12.
FSI boundary condition was used in the fluid-solid interface. The governing equations for the solid-fluid coupling are 10:
: Displacement ... (6) : Traction ... (7) : No slip ... (8) Where, d,  and n are displacement vector, stress tensor, and the normal vector, respectively. The governing equation of the solid domain is 10:
... (9) Where, ñ s is the wall density, ó s is the Cauchy stress tensor, f s is the volume force vector, and d s is the wall displacement vector.
As shown in Figure 4 , when a solid-fluid coupling problem is investigated, the blood pressure pulses that are obtained in vitro must be applied as the output condition 10 .
Grid independency of results was examined to obtain grid-independent results. This was carried out to determine the best results and to minimize computer running-time. Three inlet velocity pulses were considered to achieve stable and convergent solutions. show the axial velocity profile in the throats of the first and second Stenosis (70%-70%) at the maximum flow rate time for all the models. The maximum and minimum axial velocities belonged to the generalized Power Law and Power Law models, respectively. By comparing Figures 6a and 6b, it can be seen that the second stenosis slightly increases the axial velocity at the first stenosis throat. Another result that can be seen from comparing Figures 6b and 6c is that the blood flow is inclined towards the vessel centerline after passing the first stenosis. As a result, velocity at the vessel centerline at the second stenosis throat increases by about 0.2 m/s, which is due to the opening of the vessel wall in the first stenosis. Results also show that the velocity increase in the second throat, which causes an increased shear rate, causes the Casson model to diverge from the Carreau-Yasuda models and approach the Carreau model, which is reasonable considering the viscosity-shear rate diagram, because at high shear rates (10-1000 s -1 ), the viscosity-shear rate diagram of the Casson and Carreau models are more similar compared to the Casson and Carreau-Yasuda models. Figures 6a-6c show that by moving from the vessel centerline toward the wall, the difference between the models decreases which can be justified considering that the shear rate is considerably higher at the vicinity of the wall because in high shear rate, viscosityshear rate diagrams of different models converge to each other. In addition, in the second stenosis throat, due to high shear rate, the difference between the non-Newtonian models decreases more rapidly by moving away from the vessel centerline. Figures 7a-7d show the wall shear stress profiles in the 70% and 70%-70% Stenosis in the Carreau model at the maximum and the minimum flow rates. Since the shear stress contours of other non-Newtonian models and the Newtonian model were highly similar, they are not displayed here, and the maximum shear stress and the reverse flow region length are compared in Tables 3-6 . As can be seen in Figures 7a-7d , at the narrowest vessel section, shear stress is suddenly increased and then experiences a severe decrease immediately after the stenosis and even takes negative values.
RESULTS

Average
In the reverse flow region, the shear stress then increases at a mild slope, takes positive values, and remains constant until the end of the vessel.
The results in Tables 3-6 show that the nonNewtonian models differ in the maximum shear stress and the size of reverse flow region.
Another result seen in Figures 7a-7d and Tables 3 and 4 is that the maximum shear stresses at the simple stenosis throat and the first throat of the double stenosis are almost identical, which means that the second stenosis does not affect the maximum shear stress at the first stenosis. This can be justified considering the similarity of the axial velocity profiles at the 70% stenosis throat and the first throat of the 70%-70% stenosis. It was also observed that the shear stress values were greater in the first throat of the double stenosis than in the second throat of the double stenosis. The reason for this is that according to Figures 6b and 6c , velocity values are greater at the second stenosis, which, considering the constant flow rate, decreases the velocity gradient near the wall, reducing the shear stress.
As can be seen in Tables 3 and 4 , in comparison with other non-Newtonian models and the Newtonian model, the power law model predicts much smaller values for shear stress and consequently much larger value for separation region length. This is obvious; because a lower shear stress value means that the fluid is less attached to the wall and tends to separate from it. Shear stress values are underestimated because the Power law model has the least viscosity at high shear rates.
As can be seen in Figures 7a-7d , the difference between the vascular wall shear stress values at maximum and minimum flow rates is very large (almost 14 times), and shear stress on the vessel wall constantly changes at other times of the cardiac cycle. The alternative changes of shear stress on the vascular lumen surface can break down the plaques, which in turn can make the stenosis more severe and lead to formation and development of blood clots in the vessels. Tables 5 and 6 show that decreased velocity values reduces the maximum axial velocity and the separation region length at the minimum flow rate. At the minimum flow rate, the difference between the maximum axial velocities at the two throats of the double stenosis decreases. This can also be observed in Figure 7d . At small velocity values, by passing through the first stenosis, blood flow is less headed toward the centerline and return to the wall more quickly, increasing the stress on the second stenosis.
It should be noted that at the maximum flow rate, velocity and consequently, shear rate, is high; therefore, the difference between the nonNewtonian models and the Newtonian model is small. Also, at the minimum flow rate, velocity and consequently, shear rate, is low, which leads to the greater difference between the Newtonian models and the Newtonian model. In other words, at low velocities, the Newtonian model is more sensitive to flow geometry than other models. This can be seen by comparing Tables 3 and 4 with Tables 5  and 6. Also Tables 3 and 4 show that at the maximum flow rate, the separated flow in the double stenosis has a minimum length of 9.46 times the radius downstream of the second stenosis and 6.16 times the radius downstream of the first stenosis. In the simple stenosis, the separated flow has a minimum length of 8.86 times the radius. As can be seen in Tables 5 and 6 , at the minimum flow rate, the separated flow in the double stenosis has a minimum length of 1.50 times the radius downstream of the second stenosis and 1.44 times the radius downstream of the first stenosis. In the simple stenosis, the separated flow has a minimum length of 1.60 times the radius. As an overall conclusion from Tables 3-6, the reverse flow region length, where the endothelial cells are prone to damage, is almost double in the double stenosis compared to the simple stenosis.
CONCLUSION
In this paper, the effect of stenosis in a vessel with flexible wall in a pulsatile laminar flow was numerically simulated using ADINA and five non-Newtonian models for a 70% stenosis severity. The results of the simple stenosis were compared to that of the double stenosis. The axial velocity diagram at the maximum flow rate showed that the second stenosis does not affect the first stenosis, and the axial velocity increases in the second stenosis. Therefore, shear stress decreases on the peak of the second stenosis, which can also be seen in shear stress diagrams.
